Abstract: A three-dimensional finite volume model of the blood-dialysate interface over the complete length of the dialyzer was developed. Different equations govern dialyzer flow and pressure distribution (Navier-Stokes) and radial transport (Darcy). Blood was modeled as a nonNewtonian fluid with a viscosity varying in radial and axial direction determined by the local hematocrit, the diameter of the capillaries, and the local shear rate. The dialysate flow was assumed to be an incompressible, isothermal laminar Newtonian flow with a constant viscosity. The permeability characteristics of the membrane were calculated from laboratory tests for forward and backfiltration. The oncotic pressure induced by the plasma proteins was implemented as well as the reduction of the overall permeability caused by the adhesion of proteins to the membrane. From the calculated pressure distribution, the impact of flow, hematocrit, and capillary dimensions on the presence and localization of backfiltration can be investigated.
This work contains 2 major sections. First, an extended literature review of numerical models related to flow and transport in hemodialyzers is given. Second, our three-dimensional numerical model is described in detail.
BACKGROUND
The pressure profile in the blood as well as in the dialysate compartment are determinants of backfiltration in hemodialyzers and gained considerable attention in recent years. In addition, the flow distribution in both compartments has a large impact on the mass transfer efficiency.
Whereas one can investigate and compute (macroscopically) blood and dialysate flow in a dialyzer assuming flow in a permeable medium, it should be noted that some important aspects like ultrafiltration, convection-diffusion, concentration polarization, particle accumulation or protein adsorption at the membrane surface, and the multiphasic blood flow should be investigated with a microscopic model. Computational fluid dynamics (CFD) is a useful tool for flow visualization at both the macroscopic and microscopic levels. However, the numerical results should be validated at least with analytical solutions and/or experimental measurements.
Blood and dialysate flow
Nordon and Shindhelm (1) investigated with a finite volume software package (Fluent 4) the parameters influencing the flow distribution in an axisymmetrical two-dimensional (2D) model of the blood compartment of hollow-fiber systems used for affinity cell separation. In the inlet and outlet header region, the Navier-Stokes (momentum) equations were solved for steady incompressible laminar flow, while the hollow fibers were modeled as a porous medium with a radial permeability factor of 3 less than the axial permeability. In the upstream header, boundary layer separation occurred at the point of channel divergence causing the formation of a separation bubble, a finding that was confirmed in an analogous numerical study for hemodialyzers (2) . Moreover, both studies (1, 2) found that the uniformity of the porous medium flow mainly is influenced by the radial-to-axial hydraulic permeability ratio.
Osuga et al. (3) determined dialysate pressure isobars in a low flux hollow-fiber dialyzer (Toray B2-2.0) by combining the results of magnetic resonance imaging and a numerical simulation of the injected contrast solution in the dialysate flow. The latter was regarded as a porous medium flow depending on the radial-to-axial hydraulic permeability ratio which was determined by comparing the results of both measuring techniques. The a priori assumption that the ultrafiltration flux into the dialysate can be ignored is supported by the finding that the isobars have no steep radial gradient such that a homogeneous flow pattern can be assumed. However, Takesawa et al. (4) found, using x-ray computed tomography (CT), a radially distributed dialysate flow due to the breaking and twisting of fiber bundles made of cellulosic membrane. On the other hand, using a helical CT scan, Ronco et al. evaluated the use of spacing filaments (5) and hollow fibers with a moiré structured wave design (6) (Nissho FB130). They found those techniques were effective in preventing the fiber twisting, thereby resulting in an idealized dialysate flow pattern without dialysate channeling. Spacing filaments used in flat dialyzers, simulated with a three-dimensional (3D) steady state CFD model by Karode and Kumar (7), or in coil dialyzers, play an important role in the promotion of fluid mixing and thus reducing concentration polarization by increasing the shear rate at the membrane surface (8) . In summary, the fact whether the dialysate flow distribution is homogeneous or not mainly is influenced by the dialyzer type with respect to fiber twisting.
Using magnetic resonance Fourier velocity imaging to determine the blood and dialysate flow distributions simultaneously, Zhang et al. (9) found a uniform blood and nonuniform dialysate flow distribution.
Ultrafiltration: Haegen-Poiseuille
Ultrafiltration, generated by osmotic and hydrostatic pressure drops over a porous membrane, originally was described numerically by Kedem and Katchalsky (10) using thermodynamics of irreversible processes. The membrane properties were described in terms of filtration, reflection, and permeability. Rather than using thermodynamics, Kargol (11) redefined those coefficients assuming a membrane with randomly distributed pore sizes. Using a theoretical model validated with experiments, Wüp-per et al. (12) described the profile of ultrafiltration and concentration along the axis of high flux hollowfiber dialyzers. It was found that the hydrostatic pressure profile could be approximated as linear even in the presence of a nonlinear concentration profile for impermeable solutes. As a result, changes in fiber radius and membrane permeability can be studied using the Darcy and Haegen-Poiseuille laws.
Karode (13) derived analytical expressions for the pressure drop in a permeable tube as a function of wall permeability, channel dimensions, axial position, and fluid properties by differentiating the Haegen-Poiseuille formula and applying it locally to infinitesimal sections. Moreover, to benchmark the expression for constant wall permeability, a CFD model (Phoenics) was developed and verified by comparing the results for constant wall velocity with Berman's (14) solution.
Mass transport: convection-diffusion
In hemodiafiltration, toxic agents are removed by a combination of diffusion and convection resulting in a better clearance of high molecular weight (HMW) solutes while maintaining the performance for low molecular weight (LMW) solutes. In several studies (12, (15) (16) (17) (18) (19) (20) (21) transport phenomena in hemodiafilters have been described based on the assumption of a constant ultrafiltration flow (15) (16) (17) 19) and neglecting the accumulation of partially rejected solutes at the membrane wall (15, 17) . Jaffrin (20) and Zydney (22) found that the convective contribution of HMW solutes partially rejected by the membrane is larger than expected and, in the case of dominant ultrafiltration, is independent of the sieving coefficient. Others (16) (17) (18) 20) investigated the solute transport accounting for the module geometry, the membrane properties, and the operating conditions but without considering the effective ultrafiltration profile along the dialyzer length nor the change of the mass transfer coefficient. On the other hand, Legallais et al. (23) incorporated those aspects and the concentration polarization aspect in a one-dimensional (1D) transport model for hemodiafilters using Newtonian fluids and assuming the desired ultrafiltration rate. Pressure in both compartments was assumed to drop following the Haegen-Poiseuille equation applied to an equivalent cylindrical tube (24) and using local fluid viscosities.
Assuming diffusion to be more dominant than convection, Jaffrin et al. (18) found that the assumption of a linear concentration profile in boundary layers is only valid for LMW solutes while it should be assumed rather exponential in the case of HMW solutes. Grimsrud and Babb (25) and Colton et al. (26) investigated the concentration profile for diffusion in blood flowing through 2 infinite flat plates respectively at the entrance region, assuming zero ultrafiltration. Berman (14) solved the NavierStokes equations asymptotically for small constant ultrafiltration values. Because the assumption of a zero or constant ultrafiltration velocity was not realistic, Ross (27) analyzed the mass transport in a laminar Newtonian fluid flow through a permeable tubular membrane. He used an ultrafiltration velocity
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depending on hydrostatic and osmotic pressure differences while the solute transport was determined by the reflection coefficient of the membrane. For the investigation of mass transport in dialyzers, most authors neglect or simplify the ultrafiltration aspect, while others (23, 27 ) take into account a linear pressure distribution over the length of the dialyzer, determining the ultrafiltration profile.
Concentration-polarization
In the presence of ultrafiltration, particles within the main stream are subjected to a drag force and accumulate near the membrane surface while the accumulated particles tend to migrate to the feeding stream driven by the concentration gradient. The boundary layer concentration modifies the solute and/or solvent properties like viscosity, density, and solute molecular diffusivity (28). Due to particle accumulation, ultrafiltration flow decreases with time and a steady state value, described as a function of the concentration ratio near the membrane and in the main stream and of the mass transfer coefficient, was derived by Michaels (29) using the 1D convection-diffusion equation. Backfiltration, caused by the oncotic effect, induces a shear stress that was incorporated by Zydney and Colton (30) by using the shear-induced hydrodynamic diffusion coefficient analyzed experimentally by Eckstein et al. (31) . Moreover, the shear stress, maximal at the membrane on the fluid-like concentrated layer, causes this layer to get fluidized. This shear-induced hydrodynamic diffusion process was implemented by Romero and Davis (32) taking into account the 2D characteristics of ultrafiltration by integrating the axial momentum equation into the 1D convectiondiffusion equation.
Lee and Clark (33) used the 2D convectiondiffusion equation to describe, using an iterative algorithm, the ultrafiltration flow decline caused by concentration polarization. They found that the concentration as well as the thickness of the boundary layer increases with axial distance but decreases for higher diffusion coefficients and axial velocities.
For computational modeling of such a thin boundary layer in which the solute concentration changes intensively, a very dense grid should be used. To enable the use of a large grid, Miranda and Campos (28) applied a simple natural logarithmic variable transformation, a procedure described earlier by Zydney (34) , in the solute transport equation attenuating the concentration derivatives inside the boundary layer. Other studies (35, 36) refer to the use of CFD to model concentration polarization in the fluid phase adjacent to the membrane without taking into account the selective permeation through the membrane fluid phase.
Particle accumulation
Because the characteristics of the particle layer on the membrane are related directly to the hydraulic permeability, numerous algorithms (e.g., based on a simple Monte Carlo simulation [37] or a discrete stochastic model [38] ) exist for simulating the particle packing. Kawakatsu et al. (39) performed a 3D analysis of boundary layer formation and porosity assuming monodispersed particles moving according to Brownian motion. Emphasizing the nonequal sized character of accumulating particles, Yoon et al. (40) developed a 3D simulation for the microfiltration of colloidal particles considering the particle backtransport velocity that was found to be dominantly controlled by particle-surface interactions. The particle transport toward the membrane surface was determined considering the ensemble of forces (lift, drag, van der Waals attraction, and charge repulsion) and torques acting on the moving particle. Moreover, the flux is calculated using the concept of a resistance in series model considering pore blocking as well as layer resistance. For nonflocculating particle conditions, the latter is the major flux controlling parameter.
Multiphase flow
The unidirectional shear flow of highly concentrated fluid-particle suspensions, showing particle migration from regions of high shear to regions of low shear, has been investigated using a 2D (41) and axisymmetric (42) numerical model. The suspension, treated as a Newtonian fluid, is modeled using the momentum and continuity equation, whereas the particle motion is governed by a modified transport equation accounting for the effects of shear-induced particle migrations. Although the parameters of rigid neutrally buoyant particles (42) are far from matching those of the deformable red blood cells, the numerical results, in good agreement with analytical predictions of Phillips et al. (43) , may contribute to a better understanding of the possible local variations of the hematocrit.
NUMERICAL MODEL
A 3D finite volume microscopic model of the blood-dialysate interface over the complete length of a dialyzer has been developed (Fluent 5.4, Sheffield, U.K.). Assuming the fibers spaced in a hexagonal lattice and based on symmetry, a twelfth part of 1 single fiber can be isolated (Fig. 1) . The parameter settings of the 3D module (Fig. 2) were assessed for 
Membrane permeability
The permeability characteristics of the membrane are obtained from laboratory tests in which a dialysate flow was forced through the membrane. The ultrafiltration coefficient (m 3 /s.Pa) is calculated from flow (m 3 /s) and transmembrane pressure (Pa) measurements. Furthermore, the hydraulic membrane permeability (m 2 /s.Pa) is derived from the ultrafiltration coefficient, membrane surface, and thickness. The tests are done for forward and backfiltration using sterile dialyzers (overall permeability 7,950 nm 2 /s.Pa) as well as samples in which a protein layer is induced on the membrane (overall permeability 2,400 nm 2 /s.Pa) simulating a clinical session (44) . The permeabilities of a sterile inner layer and bulk layer are implemented as a series of 2 resistances whereas the influence of a protein layer on the overall membrane permeability is incorporated as a higher resistive inner layer.
Dialysate fluid properties
From bicarbonate dialysate samples taken in vivo from the supply and the drain of the dialyzer, dynamic viscosity and density were determined using a capillary Ubbelohde viscosimeter and a densityhydrometer-aerometer, respectively. Because it was found that both properties are not influenced by the dialysis session, the dialysate flow is assumed as an incompressible, isothermal laminar Newtonian flow with a constant viscosity (0.687 mPa.s) and density (1,008 kg/m 3 ).
Non-Newtonian blood behavior
An extended literature review was needed to perform an accurate modeling of the non-Newtonian blood flow. While plasma or another Newtonian fluid is used in the blood compartment for the majority of the models described in the literature (23, 27 ), the presented model accounts for the influence on viscosity of the local hematocrit, the small diameter of the capillaries, and the local shear rate.
The shear thinning behavior as well as the depen-
FIG. 2.
Shown is a 3D visualization of an isolated unit (blood, membrane, and dialysate compartment).
FIG. 1.
The drawing is of the hexagonal lattice of the hollow-fiber dialyzer (cross section).
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dence of the blood viscosity on the local hematocrit H, is described by Quemada (45):
Parameter k is a function of the intrinsic viscosities k 0 (H), characterizing the red blood cell aggregation at zero shear stress, k ϰ (H), describing the orientation and deformation of red blood cells at important shear stress, and the shear rate ␥. For a fixed hematocrit, viscosity decreases with increasing shear rate, whereas for a fixed shear rate, viscosity increases with hematocrit.
Blood flowing through small capillaries exhibits a redistribution of the red blood cells in such a way that a plasma skimming layer can be observed near the wall while red blood cells are concentrated in the center. Fahraeus and Lindqvist (46) described the effect of this nonuniform cell distribution on the flow by defining an apparent blood viscosity for use in the Haegen-Poiseuille equation. The radial variation of the hematocrit was deduced by Lerche and Roelke (47) using a parameter n that describes the degree of plasma skimming. Nonuniformity of cell distribution increases with decreasing n. This parameter is determined iteratively as a function of the hematocrit using an axisymmetrical numerical model such that the obtained viscosity for flow in a small tube matches literature results of the apparent viscosity (Fig. 3) .
Because plasma density (1,030 kg/m 3 ) differs from the density of platelets and blood cells (1,090 kg/m 3 ), the density of blood blood varies with the local hematocrit H:
Governing equations
In the blood and dialysate compartment, conservation of mass and momentum are described by the 3D steady incompressible Navier-Stokes and continuity equations, using the local and constant viscosity and density for blood and dialysate, respectively. The transmembrane water transport, function of the membrane permeability, and the local oncotic pressure are described by the Darcy equation for porous media.
Boundary conditions
In the blood and dialysate compartment, a constant inlet velocity is given while outlet conditions can be specified either as outlet pressures or as a flow percentual distribution in both compartments to apply the desired ultrafiltration flow. Oncotic pressure, which is exerted by the plasma proteins and opposes the hydrostatic transmembrane pressure, is implemented as a discontinuous pressure drop at the skin-bulk interface. Moreover, as hemoconcentration takes place in axial direction, the oncotic pressure is varying with hematocrit. Because the smallest blood-membrane-dialysate entity was isolated, all other boundaries are symmetry planes.
RESULTS
Assuming a constant blood and dialysate inlet flow of 250 and 500 ml/min, respectively, outlet pressures of 10 kPa and 5 Pa, respectively, and initial oncotic pressure of 3.33 kPa, the pressure distribution renders an overall ultrafiltration flow of 45 ml/ min while no backfiltration occurs (Figs. 4 and 6) .
As blood, with an initial viscosity of 3 mPa.s, flows through the dialyzer, the water removal causes hemoconcentration. As a consequence, the bulk hematocrit shows an axial variation from its initial value 0.30 at blood entrance up to 0.42 at the outlet, resulting in a mean viscosity increase from 3 mPa.s to 4.5 mPa.s. The plug flow of blood cells at the axis (maximum viscosity 7.5-11.8 mPa.s) and the plasma layer near the membrane wall (viscosity 1.3 mPa.s) demonstrates the radial variation of the blood viscosity (Fig. 5) .
The oncotic pressure, varying with the local hematocrit, increases from its initial value 3.33 kPa up to 4.20 kPa. The ultrafiltration flow is decreased by 
S. ELOOT ET AL. 594
28% because of the oncotic pressure opposing the hydraulic driving pressure.
The shear stress, zero at blood and dialysate axes, is maximal at the blood-membrane interface, decreasing from 0.97 Pa at blood inlet to 0.78 Pa at the outlet, while it is slightly increasing at the dialysatemembrane interface from 0.23 up to 0.26 Pa at the dialysate outlet.
Due to ultrafiltration, one may expect a deviation from the linear flow-pressure drop profile described by Haegen-Poiseuille as well as from the parabolic velocity profile. Nevertheless, for an ultrafiltration flow of 45 ml/min in a dialyzer module of 230 mm, the pressure distribution in the blood compartment deviates only slightly from linearity (maximum 0.28% to 0.33% at the blood inlet and outlet, respectively) (Fig. 6 ) while the same is true for the parabolic velocity profile (R 2 ‫ס‬ 0.997-0.993 at the blood inlet and outlet respectively) (Fig. 7) .
DISCUSSION
The presented 3D microscopic model allows the investigation of the impact of flow, blood viscosity, and hematocrit on the presence and localization of backfiltration for given capillary dimensions. Varying the dimensions of the dialysate compartment subsequently, the impact of anisotropic fiber density and/or fiber twisting, as reported in macroscopic models (4, 5, 7) , can be investigated. Moreover, the influence of a nonuniform blood and/or dialysate flow (1, 2, 4, 5, 7, 9) , resulting in locally different ultrafiltration flows, can be visualized at discrete radial positions.
In the 1D model of Legallais et al. (23) , hydraulic and diffusive permeabilities of the membrane are obtained from experimental results found in the literature (18, 48) . In contrast with experiments where the hydraulic permeability (18, 48, 49) and the influence of proteins (48) is investigated in an ex vivo set-up using the clinical flow directions, a new in vitro set-up was built for this study in order to quantify the water permeability of the membrane as its real physical characteristic with greater accuracy. Nevertheless, the plasma ultrafiltration coefficient found by Bosch et al. (48) in their ex vivo set-up shows a permeability reduction of 68% compared with their sodium chloride measurements, quite similar to what we measure after inducing an in vitro protein layer on the dialyzer membrane (reduction of 70%). Legallais et al. (23) assumed the Newtonian fluid plasma to flow in the blood compartment with a viscosity depending on the actual protein concentration   FIG. 4 . Shown is the radial pressure distribution at the blood inlet (×) and outlet (+) section.
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(50). In the presented model, the shear-thinning behavior of blood as well as the hematocrit dependency of its viscosity is incorporated using the Quemada model (45) . The influence of the nonuniform cell distribution is taken into account by using the Fahraeus-Lindqvist model, which was originally derived for impermeable tubes.
Oncotic pressure, induced by the plasma proteins in the blood compartment, is not considered in models using saline solutions. For plasma (23) , the oncotic pressure dependence on protein concentration is expressed by Landis and Pappenheimer (51) . In our study, using blood, the local oncotic pressure is calculated accounting for the local hematocrit. As   FIG. 5 . Shown is the radial viscosity distribution at the blood inlet (×) and outlet (+) section.
FIG. 6.
Shown is the axial pressure distribution in the blood (×) and dialysate (+) compartment.
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water is removed from the blood compartment over the length of the dialyzer and hemoconcentration occurs, the local hematocrit increases with the red blood cell concentration and the oncotic pressure increases with protein (albumin) concentration.
Although the Haegen-Poiseuille equation is derived for flow in impermeable tubes, most 1D and 2D numerical models (23) assume a linear pressure drop over the length of the dialyzer. Our 3D model gives the opportunity to investigate whether this assumption is valid. It is found (Figs. 6 and 7 ) that deviation from linearity is negligible (0.3%) for flow in dialyzers with a limited active length (230 mm), hereby confirming the theoretical results by Wüpper et al (12) . However, using the analytical expression of Karode (13), a deviation from linearity of 6% is found at the blood inlet and outlet for a common active dialyzer length (0.23 m).
After validation of the model by an ex vivo study mimicking the clinical set-up, a profound parameter study can be performed to investigate the impact of ultrafiltration flow and capillary dimensions on blood viscosity.
Although the presented model is the result of combining several flow, transport, and fluid property aspects, some limitations of the model can be remarked upon. Concentration polarization, which should be considered for flow in permeable tubes, is not considered. Moreover, the accumulation of particles at the membrane is idealized by assuming the presence of a homogeneous monolayer of proteins (100 nm) at the inner layer of the membrane. As a result, the axial variation of boundary layer thickness (33) and the shearing effect arising from backfiltration (30, 31) as well as the shear stress acting on the boundary layer itself (32) are not considered. Therefore, with respect to the flow of highly concentrated fluids like blood, the consideration of concentration polarization and multiphasic flow simulating inertial effects and slip between the particles and the carrier liquid (44) could be a point of further improvement.
CONCLUSIONS
Our numerical model incorporates the blood, dialysate, and membrane flow in hollow-fiber dialyzers allowing an accurate investigation of the fluid properties and the presence and localization of backfiltration can be performed. The hydraulic permeability of the dialyzer is based on a different and more accurate method than in previous ex vivo studies, and blood is modeled as a non-Newtonian fluid with properties varying in the radial as well as axial direction. The simulation shows that deviation from a linear pressure drop-flow relationship is negligible for flow in dialyzers with a limited active length.
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FIG. 7.
Shown is the spatial velocity profile in the blood and dialysate compartment at the blood inlet (×) and outlet (+) section.
